SUMMARY: Cerebrovascular hemodynamic assessment adds new information to standard anatomic MR imaging and improves patient care. This article reviews the theoretic underpinnings of several potentially quantitative MR imaging-based methods that shed light on the hemodynamic status of the brain, including cerebral blood flow (CBF), cerebral blood volume (CBV), and contrast agent permeability. Techniques addressed include dynamic susceptibility contrast (which most simply and accurately estimates CBV), arterial spin labeling (a powerful method to measure CBF), and contrastenhanced methods to derive permeability parameters such as the transport constant K trans .
T
he study of cerebral hemodynamics has a long history, stretching back to the fundamental recognition by Wepfer in the 1600s that ischemic stroke was a vascular disease. The brain is an unusual organ in the hemodynamic sense, with a high metabolic rate that is sustained through high cerebral blood flow (CBF) (50 mL blood per minute per 100 g); however, unlike other high-flow organs, the limited space inside the bony cranium requires an efficient regulation system, which is accomplished with a high capillary density but remarkably low cerebral blood volume (CBV), on the order of 2-5 mL/100 g. Because of this, dysregulations of flow and volume even for short periods can have protean consequences.
Changes in hemodynamic parameters can precede abnormalities on conventional MR imaging, and knowledge of whether a lesion identified on anatomic imaging sequences is associated with increased or decreased CBF or CBV can frequently help narrow the differential diagnosis. Additionally, measurement of contrast agent permeability, such as a transport constant related to the permeability-surface area (K trans ) and the fractional volume of the extravascular extracellular space (v e ), may be useful to evaluate diverse brain diseases such as multiple sclerosis, ischemia, and brain neoplasms. Given their relationship with underlying biology, they have been proposed to be sensitive biomarkers to assess medical or surgical therapies.
Dynamic Susceptibility Contrast: Also Known as Bolus Perfusion-Weighted Imaging
Gadolinium chelates with high magnetic susceptibility were developed in the mid 1980s for use as MR imaging contrast agents. Given their size and low lipophilicity, they are constrained to the intravascular space by a normal blood-brain barrier (BBB). In common clinical practice, they are injected slowly through a peripheral vein; then, images are acquired after several minutes to visualize the well-recognized parenchymal enhancement that occurs in regions of BBB breakdown.
These agents can be used in a different way, as "tracers," by injecting them as tight intravenous (IV) boluses and then imaging their initial passage through the brain vasculature. This requires larger gauge IV catheters and higher injection rates (Ն4 mL/s), coupled with repeated rapid cine imaging of a volume of interest while the contrast passes through the capillary network. To record the tracer concentration during this passage faithfully, one must acquire images at a rate faster than the time it takes the bolus to pass through the tissue, which is usually on the order of several seconds. This acquisition requires rapid imaging sequences such as Cartesian or spiral echo-planar imaging (EPI). Images are first acquired to determine the baseline signal intensity of each voxel. When the bolus passes through the voxel, the signal intensity drops (Fig  1) . This drop occurs because the contrast agent is confined to the vascular space, which creates microscopic variation in the local magnetic field, which directly leads to decreased signal intensity on gradient-echo images. The intravascular contrast also creates magnetic field gradients around the vessel, which cause signal-intensity loss when protons diffuse in these gradients. 1 One can quantify the change in transverse relaxivity (⌬R2 or ⌬R2*, for spin-echo or gradient-echo, respectively) at each time point and in each voxel as
1)
⌬R2͑t͒, ⌬R2*͑t͒ ϭ Ϫ1
where S(t) is the signal intensity in the voxel at time t and S 0 is the baseline signal intensity before the bolus arrives. This relaxivity change is assumed to be linearly proportional to the tissue contrast agent concentration (though this assumption has been questioned recently 2 ) and confined within the intravascular space without leakage. It has been suggested that the effects of extravasation can be minimized with the application of a preloading dose of contrast agent 3 or by using multiecho methods. 4, 5 More complex modeling has been undertaken to parse out the separate effects of permeability, and some of these methods are discussed in the section on permeability imaging.
Theoretic simulations have demonstrated that R2* changes are not affected by vessel size; thus, gradient-echo perfusionweighted imaging (PWI) includes contributions from all the vessels within the voxel. 1, 6 Spin-echo PWI, though having approximately a threefold lower signal-to-noise ratio (SNR) than gradient-echo PWI, is relatively more sensitive to capillary vessels. Thus, spin-echo PWI allows insight into processes on the microvascular level while suppressing the effects of larger vessels. The behavior of spin-echo-and gradient-echo-derived measures of CBV differs in animal models of ischemia and brain neoplasms.
7-9
Quantifying Hemodynamics with Bolus PWI Tracer kinetic theory states that if one knows the input and the output of a tracer from a voxel, one can determine the volume of distribution (ie, CBV, or more strictly in this case, the plasma volume, because the contrast is excluded from the red blood cells) and the clearance rate (CBF) by using conservation of mass mathematics. 10 Such methods were applied by using inert tracer dyes to calculate global flow rates to organs in the 1940s. 11 However, in imaging, there are 2 crucial differences: We are interested in focal rather than global measurements 1 and we do not strictly know either the input or output from any voxel, that would be needed to apply off-the-shelf tracer kinetic equations. 2 The 1 piece of information that we do have is the signal-intensity changes in all the voxels, from which we can estimate the plasma and tissue tracer concentration.
Ignoring recirculation, one can measure plasma volume (v p ϭ CBV ⅐ [1 Ϫ hematocrit (Hct)]) as the integral of the tissue concentration time curve:
2)
This can theoretically be made quantitative by dividing by the value of this integral in a voxel that is known to contain 100% blood:
with the assumption that the large and small vessel Hcts are equal. 12 Strictly, recirculation effects should be recognized and removed from the curves. In reality, unless there is significant BBB permeability or areas of very low flow, recirculation effects may be ignored and actually lead to improved estimates of plasma volume that are less sensitive to contrast agent delivery rates (ie, CBF). In low-flow regions, if the tracer does not complete its first passage within the time given for the measurement (usually about 25-30 seconds), it will be undercounted and v p will be underestimated. Because of this result, some authors writing about ischemia have used the term "perfused CBV". 13 This may account for the discrepancies seen in between PWI and C 15 O PET estimates of CBV in ischemia. 14 In fact, in the extreme, one would prefer to image as late after injection as possible; when the contrast agent concentration is 
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changing slowly, it more closely approximates a steady-state or "blood pool" measurement, which is independent of flow. 15 However, this results in unacceptably low SNR at 1.5T. Such an approach may be feasible by using triple-dose contrast at higher field strengths. To measure CBF, one requires knowledge about the temporal shape of the input concentration into the voxel and the tissue concentration curve. 16, 17 The input concentration time curve is different for every voxel and cannot be directly measured. Because of this difference, it must be estimated. The most traditional approach is to measure the contrast agent concentration curve in a large feeding artery at the base of the brain, such as the middle cerebral artery or anterior cerebral artery, and then to apply this arterial input function (AIF) to all of the voxels in the brain. More recently, attempts to define more local AIFs have been suggested. 18, 19 Difficulties associated with inflow effects, partial volume averaging, vessel-orientation-dependent relaxivity, and possible differences in relaxivity between tissue and bulk blood also make it challenging to determine the true AIF concentration, which is critical for quantitative CBF measurements. 20 The tissue concentration curve is a combination of the effects of the AIF and the inherent tissue properties. Because of this, the effects of the AIF on the tissue concentration curve must be removed, a process known mathematically as deconvolution. The most commonly used deconvolution methods are "nonparametric," which means they do not assume a shape for the tissue response curve. The basic concept is to figure out what the tissue concentration curve would be for an idealized AIF of infinite sharpness and unit area. This is modeled as a "residue function," R(t), which plots the fraction of this infinitely sharp bolus that remains in the voxel at time t after injection (Fig 2) . As such, it has a maximal value of 1 at t ϭ 0 and monotonically decreases to zero. Given this construct, the relationship between the tissue concentration and AIF is the following:
where R is the convolution operator. Because we presumably know C tissue and AIF at every time t, the goal is to solve for CBF and R(t). A simple and intuitive approach to solve this equation is to use the properties of the Fourier transform, where complicated convolutions become simpler multiplications:
where FT and FT Ϫ1 represent the one-dimensional forward and inverse Fourier transforms, respectively. Because the residue function by definition is equal to 1 at t ϭ 0, the magnitude of the first time point of the solution is CBF. This was the initial approach to solving equation (Eq) 4 21 ; however, in current practice, this is not the usual approach because of the ill-posed nature of Eq 4, which frequently yields nonphysiologic oscillations in the solution for the residue function. Also, the division of 2 Fourier transformed concentration curves in Eq 5 can be quite noisy under physiologic SNR levels.
A more robust method that has gained widespread acceptance is known as singular value decomposition (SVD), which requires that the previous equations be recast in terms of matrices. 17 The mathematics behind SVD deconvolution is beyond the scope of this basic review. 22 Other methods to estimate CBF from the tissue concentration versus time curves include parametric deconvolution methods as well as nondeconvolution methods. Parametric deconvolution techniques assume a shape for the residue function (such as a decaying exponential, which corresponds physiologically to a well-mixed single compartment). This assumption works well if the true residue function corresponds to that selected, but errors occur when this is not the case. 17 Nondeconvolution methods base hemodynamic estimates on parameters derived exclusively from the tissue concentration curves, such as the maximal slope or the peak enhancement of the contrast enhancement curve. Some of these methods are easy to apply and are repeatable but usually entail very high rates of contrast agent injection (Ͼ5 mL/s), yield relative rather than absolute measurements, and depend strongly on the precise imaging parameters used. As such, these results are difficult to compare between institutions and will not be discussed further.
Once CBF and CBV are known, mean transit time (MTT) can be calculated, being the ratio of CBV and CBF, a property Effects of bolus widening ("dispersion") in the AIF on the tissue-concentrationversus-time curve. A, Residue function, which represents the probability of the tracer remaining in the voxel at time t. Note that this is a monotonically decreasing function, with a value of 1 at time t ϭ 0. The residue function shown here represents a well-mixed single compartment with an MTT of 4 seconds, similar to that seen in brain. For the remainder of the examples, CBF is taken to be 50 mL/100 mL of brain per minute, again typical for brain. The area under the AIF is normalized to 1 arbitrary unit. B, Tissue concentration curve (solid line) for a "perfect bolus" AIF (dotted line), which arrives at t ϭ 0. The tissue concentration curve is just the residue function multiplied by CBF. Note that CBF is equal to the first point of the tissue concentration curve, which is also the peak concentration. C, AIF is a 2-second bolus top hat function corresponding to "plug flow": note the increase in the arrival time of peak contrast and the decrease in peak concentration, a consequence of the convolution of the AIF and the residue function. No longer is CBF equal to the first time point of the tissue curve or the peak concentration. D, AIF is a gaussian curve with full width at half maximum of 2 seconds, a more realistic model of a bolus that has widened before reaching the tissue. Note that for both C and D, deconvolution techniques are necessary to determine CBF and that the first moment of the tissue concentration curve is not equal to the MTT. Sec indicates seconds.
of tracers known as the central volume principle. 23 The MTT is the average time it takes for a contrast molecule to traverse the imaging voxel. In theory, MTT can be directly measured as the first moment of the residue function, though in practice this is challenging in the presence of noise and bolus delay. MTT is a very desirable measurement because gray matter and white matter have approximately equal MTT, leading to "flat contrast" for normal tissue. Abnormal tissue is much more apparent against such a background, and for this reason, MTT is the most sensitive marker of hemodynamic abnormality. In fact, it can sometimes be "too sensitive," in that not all regions of MTT abnormality appear to be at risk of infarction in acute stroke, and 150% of contralateral (presumed normal) brain tissue has been proposed as a threshold for "at risk" tissue. 24 Another hemodynamic parameter that has shown promise in acute stroke studies is the time at which the calculated residue function reaches its maximum (T max ), which exaggerates the effects of widening ("dispersion") and delay of the bolus between the AIF and the voxel. 25, 26 However, T max is really just an improved estimate of the delay in bolus arrival time between the AIF and the voxel and does not describe the hemodynamic status of the tissue itself.
Dispersion and delay between the measured AIF and the true inflow to the voxel can cause errors in PWI estimates of hemodynamic parameters. These errors are complex and can cause either over-or underestimation of CBF, depending on the delay between the AIF and the tissue. 27 A more recent formulation known as block circulant SVD 28 is theoretically immune to differences in bolus arrival time but still cannot account for dispersion. It has been shown to be theoretically equivalent to the previously mentioned Fourier method while preserving the desirable noise properties of SVD deconvolution.
Arterial Spin-Labeling
In contrast to bolus PWI, arterial spin-labeling (ASL) methods do not use contrast and measure CBF only. 29, 30 Water is a diffusible tracer and shares many advantages with classic tracer methods such as positron-emission tomography (PET) or xenon CT (Xe-CT) measurements. Radio-frequency pulses are used to invert (or "label") water protons in the blood proximal to the imaged sections. This labeled water then flows distally, where it is extracted into the brain parenchyma at the capillary level. Imaging is then performed, typically by using rapid proton density-weighted images. The inflow of the label brings negative magnetization, which mixes with the static tissue positive magnetization and results in a small decrease in signal intensity of approximately 1-2%. A control acquisition identical to the labeled acquisition is obtained without water labeling. Flow-weighted images are created by subtracting the labeled images from the control images, thus in theory, removing the static tissue signal intensity (Fig 3) . The advantages of ASL are the lack of ionizing radiation or contrast material injection, its flexibility and repeatability, and the relative availability of MR imaging compared with PET or Xe-CT. Also, the ability to image quantitative CBF from individual arteries has been demonstrated with this technique and could have applications to bypass surgery or to assess the functional significance of arterial stenoses. 31, 32 The major disadvantage of ASL is the low SNR, which requires 5-10 minutes of MR imaging time at clinical field strengths of 1.5T and erroneous low CBF measurements and artifacts in regions with delayed blood arrival.
ASL sequences can be broken down into 2 sections: the labeling period and the imaging period. Initially, 2D EPI was used for image acquisition, given its efficient coverage of kspace and high SNR; more recently, approaches by using fast spin-echo and/or background suppression have shown promise to reduce susceptibility artifacts and noise from the static tissue. 33, 34 Also, because spin-echo pulse sequences may be used, visualization of high-susceptibility areas, such as the inferior frontal and temporal lobes, is improved compared with that of gradient-echo PWI.
Two basic strategies are used to label the blood, known as pulsed and continuous. For maximal SNR, the inflowing blood protons are inverted. This can be accomplished by using a short radio-frequency pulse, an approach known as "pulsed ASL," (PASL). 35, 36 An alternative, "continuous ASL" (CASL) creates a proximal plane by using off-resonance radio-frequency power and gradients to adiabatically invert flowing water. 29, 37 In general, CASL has higher SNR than PASL but is more hardware and specific absorption rate (SAR) intensive. More recently, so-called pseudocontinuous ASL has been demonstrated, in which the continuous radio-frequency and gradient pulses are chopped into shorter lengths. This has been shown to maintain high labeling efficiency with significant decreases in SAR and hardware requirements and probably represents the wave of the future for high-field clinical ASL. 38 A final method, velocity-selective ASL, labels spins on 
arrows, respectively. The signal intensity of the labeled images is approximately 1-2% lower than that of the control images due to the extraction of the negatively magnetized inverted spins into the tissue when they reach the capillary bed. Subtracting label images from control images creates a difference image proportional to CBF. Typically many such image pairs must be subtracted to achieve adequate SNR; the image of CBF in a healthy volunteer shown above was acquired in 5 minutes at 3T.
the basis of velocity rather than location and, as such, is theoretically insensitive to differences in arterial arrival times 39 ; it is currently a research technique and beyond the scope of this article but has great promise as a truly quantitative CBF method, particularly in patients with cerebrovascular disease and extensive collateralization.
Quantifying CBF with ASL
The following discussion of the ASL signal intensity assumes that the labeled protons remain in small blood vessels at the time of imaging, the so-called microsphere model. 40 This model is emphasized here due to its simplicity, but more complex models that include the effects of exchange between the blood and tissue water have also been developed. 41 The Bloch equation for longitudinal magnetization, with additional terms for the inflow and outflow of magnetization, is as follows:
where M z (t) is the longitudinal magnetization at time t, M 0 is the equilibrium magnetization in the absence of radio-frequency pulses, f is CBF, M art is the inflowing arterial longitudinal magnetization at time t, and M ven is the outflowing venous magnetization. T 1 may be considered the blood T 1 , because the label spends most of its time there. M art is the following:
where ␣ is the spin-labeling efficiency, which ranges from 0 to 1, with 0 signifying no labeling and 1 signifying perfect inversion, and M 0,blood is the equilibrium magnetization of the blood. The mean residence time of a water proton is about 1 minute (which is much longer than the blood or tissue T 1 ), so the assumption is often made that M ven is equal to the average tissue magnetization. This is a good assumption usually, though it fails in the setting of high CBF (Ͼ100 mL/100 g per minute), where the outflowing magnetization would include nonextracted but labeled spins. With the additional simplification that the equilibrium tissue and blood magnetization are approximately equal, Eq 6 becomes the following:
To better understand the magnitude of the ASL signal intensity, we can solve this equation for the steady-state condition, when dM z (t)/dt is 0. This corresponds to the expected magnetization following infinite time duration either without or with labeling:
9) for ␣ ϭ 0 (no labeling, control),
10) for non-zero ␣ (labeling):
This shows that the magnetization following the labeling experiment is smaller than that of the control acquisition, as expected, because the labeling is injecting inverted (negative) magnetization into the voxel. The difference between the label and control acquisitions (⌬M) is just
The last partial equality takes into account that the dimensionless term (fT 1 ), for a typical flow rate of 50 mL/100 g per minute is quite small (0.011). This explains why ASL difference signals are on the order of 1% of the equilibrium magnetization under the best conditions (ie, perfect labeling, no delays) and why ASL requires extensive signal averaging to achieve adequate SNR. Additionally, it shows why ASL is especially improved at 3T compared with 1.5T: The equilibrium blood magnetization doubles and the label persists longer due to the 30% increased blood T 1 . Eq 11 gives the maximal-difference signal intensity for a CASL experiment; it can be shown that the maximal-difference signal intensity for a PASL experiment is
Comparing Eqs 11 and 12 explains why CASL experiments are generally considered to have higher SNR than PASL experi- surrounding an area of apparent low flow in the right parietal lobe. The high signal intensity is probably due to delayed arrival of the label via collateral flow which is still within large vessels rather than in the parenchyma. The low measured CBF centrally is due to decay of the label before it enters the tissue. Normal flow was seen in this region on Xe-CT (images not shown). D, Follow-up CT 2 days later demonstrates infarction of the right caudate and putamen (arrow) but preserved gray-white contrast in the right parietal region that demonstrates low signal intensity on the ASL CBF map. CBF underestimation in the setting of collateral flow is a fundamental difficulty with the use of standard ASL in this patient population.
ments, though in reality, this is more complicated, and theoretic and experimental results suggest that the SNR/unit time improvement between CASL and PASL is on the order of 20%-40% rather than this larger factor of e. 42, 43 CBF quantification errors can occur due to delays in arterial arrival time (⌬t), which is defined as the time between proximal labeling and subsequent extraction into the tissue at the capillary level. If arrival times were uniform and known, they could be easily corrected by including the effects of T 1 relaxation within the blood upon M art :
13)
M art ϭ M 0,blood ͑1 Ϫ 2␣exp͑Ϫ⌬t/T1 blood ͒͒.
Although longer arterial arrival times would mean lower SNR images, quantification would not be affected. However, in reality, arterial arrival times are regionally dependent and difficult to measure accurately, but are typically on the order of 300 -2000 ms, with the longer times seen in the white matter and vascular border zones. 44 Because this is on the order of the label T 1 , large CBF underestimations can occur. Some investigators propose acquiring ASL difference images at different inflow times to directly estimate both ⌬t and CBF; however, this is usually time-consuming and the results can be confusing due to label remaining in feeding arteries during early inflow times (Fig 4) and in general leads to noisy images that are challenging to fit in a robust fashion. 45 Alternatively, one can design the pulse sequence such that the labeled blood has a well-defined temporal width, which is entirely delivered to the tissue before imaging. With PASL, this is typically performed by using a variant of the Quantitative Imaging of Perfusion Using a Single Subtraction Method 2 (QUIPSS 2), in which saturation pulses applied to the labeled region permit quantitative CBF measurements during a range of expected arrival times. 46 With CASL, the same function is accomplished by inserting a delay time between the end of the labeling period and the start of imaging. 47 Conceptually, this allows late-arriving labeled spins to "catch up" with their earlier arriving counterparts. Both approaches incur decreased SNR in the hopes of improved quantification. High-field ASL will benefit from the ability to visualize later arriving spins due to higher SNR and longer blood T1. Arrival times on the order of 2 seconds in the watershed white matter and as long as 6 -10 seconds in the setting of collateral flow, ischemic stroke, or extracranial-tointracranial bypass are a significant challenge to standard quantitative ASL imaging in these patient populations. Because prolonged arrival times lead to decreased ASL signal intensity, in theory, this causes greater contrast between normal and abnormal regions in ischemic stroke, which may itself be a useful, albeit qualitative, measure that could be exploited for clinical imaging.
Permeability Imaging
Permeability describes how easy it is for a molecule to move between 2 separate environments separated by a well-defined barrier. For clinical MR imaging, the molecule of interest is the gadolinium-based contrast agent. The 2 separate environments are the intravascular and extracellular extravascular space (EES), and the barrier is the cerebrovascular endothelium (BBB) (Fig 5) . This measurement is of interest because this permeability is essentially zero for regions with an intact BBB and nonzero in many pathologic situations, such as neoplasm, inflammatory/infectious disease, and ischemia. Postcontrast T1 enhancement can be seen, therefore, as a "snapshot" in the dynamic process in which contrast agents enter and exit the EES (they are thought to be excluded from cells). As long as there is a higher concentration of contrast in the blood than in the EES, contrast flows into the EES. With time, the concentration in the blood decreases, due to clearance by the kidneys and removal into the EES throughout the body. Once the EES and blood concentrations are equal, there will be no net flux; from this point onward, contrast will flow down the concentration gradient from the EES back into the blood and then finally will be excreted via the kidneys or sequestered in the reticular endothelial system. Specifically, permeability is defined as the bulk flow of a tracer normalized for surface area, concentration gradient, and time:
where P is the permeability (centimeters per second); S, the surface area per unit mass (square centimeters per gram); M, the tissue mass (gram); and C plasma Ϫ C EES , the concentration difference between the 2 compartments (millimoles per cubic centimeter). Because there is no direct way to separate the effects of changes in surface area from permeability, usually they are lumped together as the "PS product," which may then be compared among different parts of the brain. PS has the units of a rate constant, like flow. Eq 14 can be written as
where is the brain density. Note that the ratio of C tissue and the EES volume fraction v e is just the "true" EES concentration.
At this point, it is important to point out an important simplification of the model: to fit the previous equation, we need to know the plasma tracer concentration at the site of exchange (capillaries), which we will estimate from the arterial Fig 5. A basic model of the imaging voxel for permeability studies. The plasma volume, v p , is small compared with the EES (shown in gray) and the intracellular space, from which contrast is excluded. Observed relaxivity changes are a weighted average of the plasma and EES contrast concentration. The large black arrows signify isodirectional flux of contrast between these 2 spaces, with a rate constant equal to K trans . This flux is essentially zero in the presence of an intact BBB but is nonzero in many pathophysiologic conditions.
concentration. However, it is possible that the PS product is large enough such that the concentration might change between the arterial and venous sides of the capillary. This occurs when the PS product (which describes the leakage of tracer during the passage) is of the same magnitude as the CBF. Because it is difficult to know the exact relationship between these parameters, a new quantity, the "transport constant" (K trans ), is used in place of the PS term in Eq 15 when fitting plasma and tissue concentration curves:
where in the extreme cases
Eq 17 more accurately represents the situation for most neoplasms, where leakage concentrations are limited by the contrast delivery rate (ie, CBF limited). Eq 18 is more accurate in the setting of lower permeability seen in ischemia and inflammatory diseases such as chronic multiple sclerosis plaques, where the contrast leakage is not limited by delivery (permeability limited). Given this basic model, how does one determine the plasma and tissue concentrations, which are needed to calculate K trans and v e ? Plasma concentration can be either directly measured (in which case it is similar to the AIF described in the bolus section) or assumed as a biexponential decay curve. 48 The first of these methods may require additional imaging and is prone to errors from inflow and partial volume. The latter method is unlikely to account for differences in patient size and renal clearance. To convert between tissue concentration and relaxation changes, one assumes a model of fast exchange throughout. Two basic methodologies for extracting K trans and other hemodynamic variables are described below.
Steady-State T1 Method
Tofts and Kermode 49 have studied a steady-state T1-based model (ssT1, sometimes termed the "pharmacokinetic model"), in which repeated short TE, T1-weighted images are acquired before and after contrast injection. Comparison with baseline precontrast images and knowledge of the initial R 1 (inverse of T1) and TR of the measurement allows an iterative solution of the R 1 change (⌬R 1 ):
As for dynamic susceptibility contrast bolus measurements, ⌬R 1 is assumed to be linearly proportional to contrast concentration. Figure 6 describes how plasma and tissue signal intensities change with time for a range of K trans . Relaxivity change occurs in 2 compartments, the plasma and the EES, because the contrast agent is excluded from the intracellular space. Thus, the tissue concentration is a weighted average of these 2:
20)
C 
This equation is then fitted in each voxel by using nonlinear least squares methods to determine K trans and v e .
First-Pass Methods
Because the ssT1 method requires sequential imaging for many minutes (sometimes hours), which can be difficult in the clinical setting, several groups have tried to fit the signal intensity during the first pass of a contrast bolus and the early recirculation period to account for permeability. This has the advantage that the data acquisition is faster and, in fact, is a standard part of the clinical work-up to measure plasma volume, as described previously. Two models will briefly be discussed here. Both attempt to determine the signal intensity Proton density is assumed to be 1,000 arbitrary units (au) for all tissue, T1 before contrast is 1.2 seconds, and a typical spin-echo T1-weighted sequence with a TR of 500 ms is assumed. Note the rapid rise and subsequent fall of signal intensity in the highly leaky meningioma compared with the more gradual onset of contrast enhancement in the MS lesion. As is typical for the ssT1 method, contribution from the intravascular space is neglected. B, An example of gradual enhancement on T1-weighted imaging in a high-grade glioma at several time points following contrast administration by using the ssT1 method. The fitted K trans permeability map is shown at the right. Image courtesy of Dr. Soonmee Cha, University of California, San Francisco.
that would be measured in the absence of permeability, by examining the concentration time curves of brain tissue thought to be free of disease, such as normal-appearing white matter contralateral to the lesion being evaluated. Then, the difference between the observed and expected concentration curve is attributed to the effects of changes in plasma volume, EES volume fraction, and permeability. Both models assume that the relationship between concentration and ⌬R2* is the same whether the contrast remains in the vasculature or has leaked out into the EES. This is problematic because the fundamental idea behind dynamic susceptibility contrast rests on the idea that high ⌬R2* changes are due to sequestration of contrast within vessels, 1 thus creating local magnetic field gradients (in addition to bulk susceptibility changes). Contrast in the EES could serve to decrease these magnetic field gradients, causing paradoxically, lower relaxivity, or at minimum, a change in the relationship between ⌬R2* and tissue concentration. 50 It has been suggested that the agent is still somewhat sequestered, being excluded from the intracellular space, 51 though this remains a difficult assumption to test. The first model was described by Weisskoff et al 52 and was subsequently elaborated by Donahue et al. 3 It focuses on the effects of the T1 changes that occur when contrast leaks. Because rapid EPI images are T1-as well as T2*-weighted, reductions in T1 will tend to increase signal intensity. The relationship between the "apparent" and true transverse relaxivity changes can be shown to be related to the baseline R 1 (ϭ 1 / T 1 ) and the TR and TE of the sequence:
They ignored possible flow of contrast from the tissue back into the plasma, so the contribution of this latter term only increases with time on the basis of the average amount of exposure it has had to the contrast in the plasma:
24)
C tissue ͑t͒ ϭ kK trans͵
where the overbar signifies a spatial average over all voxels that do not show postcontrast enhancement (presumably those with zero permeability), and k is a constant that converts from units of relaxivity to concentration. Then, nonlinear least squares fitting is applied to calculate the coefficients corresponding to a term proportional to plasma concentration (related to plasma volume) and a term linear with this integral (which incorporates the effects of permeability). Another approach was suggested by Johnson et al, 51 known as the first-pass T2* method or first-pass parametric model, and theoretically yields estimates of v p , v e , and K trans . It assumes that T1 effects are small during bolus passage and in the immediate recirculation period and may be neglected. For the T1 criteria to be satisfied, they suggested that the sequences should be made less T1-sensitive by lowering the flip angles (to 30°rather than 90°), though this results in decreased SNR; another approach would be to directly measure and correct by using multiple echoes. 4 Recalling Eq 20 and explicitly including plasma contributions to tissue concentration yields the following equation:
25)
C tissue ͑t͒ ϭ p C plasma ϩ K trans͵ 0 t C plasma ͑͒e ϪKtrans͑t Ϫ ͒/e d.
While recast in terms of concentration, this equation is quite similar to that of Donahue et al, 3 with the exception that back flow of contrast from the EES into the tissue is permitted. This allows estimation of the EES volume fraction v e at the expense of adding an additional free parameter to an already ill-posed nonlinear least squares fitting algorithm. Again, as in the previous approach, the plasma concentration is estimated from presumed normal tissue with zero permeability, in this case, normal-appearing contralateral white matter and a literaturederived plasma volume of 1 mL/100 g. This method was shown to yield good correlation with the ssT1 method in gliomas, but with no correlation in more leaky meningiomas. 50 Simulations of these models suggest that K trans may be somewhat overestimated and plasma volume somewhat underestimated. 53 Studies of permeability by using first-pass kinetics are likely in their infancy. However, given the ubiquity of the bolus method, derivation of these additional hemodynamic parameters may have significant clinical impact. In the end, it is likely that the "best" model to fit the data depends on the precise T1 and T2* weighting of the pulse sequence. Direct comparison of these methods to gold standard methods of permeability should be a priority to establish these methods as reliable and reproducible.
Conclusions
Dynamic susceptibility contrast, ASL, and methods to measure permeability represent the effort of many research and clinical MR imaging scientists, who believe that quantitative physiologic imaging of the brain can help in the identification and treatment of disease. A basic theoretic understanding of these techniques may help speed their acceptance into routine clinical practice.
